Abstract-We report live animal studies that verify and quantify successful transocular transmission of data from a miniature low-power implant. To minimize damage, implantation within layers of the eye requires an ultrasmall device on a scale of just a few millimeters on each side and less than 500 m in thickness. A high-frequency transmitter integrated circuit (IC) was designed, fabricated, and bonded onto a board containing an antenna, matching network components, and interconnects. The transmitter must achieve sufficient efficiency to draw minimal power from the limited onboard storage array while outputting a sufficiently large signal to overcome tissue-induced attenuation. Two different versions of the system were developed, one using a low-temperature co-fired ceramic material for the substrate and the other using silicon. Animal studies performed using live rabbits followed by empirical measurements verified the feasibility of a wireless telemetry scheme for a low-power miniature ocular implant.
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I. INTRODUCTION

W
IRELESS telemetry through the eye is necessary for implanted ocular devices including retinal prostheses and intra-ocular pressure sensors. This study focuses on developing wireless transmission capabilities for transfer of pressure data from an intra-ocular pressure monitor used to treat glaucoma. Glaucoma stems from a buildup of intra-ocular pressure in the anterior chamber of the eye, following occlusion of the drainage pathway presented by the trabecular meshwork and Schlemm's canal. The trabecular meshwork is an area of tissue in the eye responsible for draining aqueous humor from the anterior chamber, which is between the iris and the cornea.
The aqueous humor then passes through a set of tubes known as Schlemm's canal, where it then flows into the circulatory system. This increase in pressure mechanically constricts and damages the optic nerve, eventually leading to irreversible blindness. Glaucoma is predicted to affect about 60.5 million people by 2010, of which 4.5 million will become blind in both eyes [1] .
An intra-ocular pressure monitor being designed in our laboratory provides accurate and continuous measurements of pressure over successive 24-h periods. Continuous recordings allow for proper diagnosis and treatment of elevated pressure levels beyond what is possible today and before onset of the nerve damage, which is the primary cause of blindness in glaucoma. A hybrid prosthesis device that can both record and actively reduce pressure could significantly reduce the incidence of blindness in glaucomatous patients. Our miniature intra-ocular pressure monitor is implanted between the sclera and choroid layers of the eye adjacent to the anterior chamber and in the suprachoroidal space. Wireless telemetry reduces the risk of infection and is compulsory to ensure accurate pressure measurements. The typical restrictions imposed on biomedical implants, such as small scale and low power, are much more stringent for this ocular implant because of the anatomy of its location. The thin layers of ocular tissue surrounding the device require it to be very small and extremely thin to avoid retinal detachment following implantation. Furthermore, continuous monitoring requires an onboard power storage which, given the small scale, results in a very limited supply of energy. The power available to the device must be consumed slowly to minimize local heating of the ocular tissue, which is notorious for its poor dissipation of heat. This work focuses on the transocular wireless telemetry portion of the intra-ocular pressure sensor system, specifically reporting for the first time the design and testing of the integrated circuit (IC) and surgical in vivo implantation of the packaged device.
We used the EM theory and ex vivo experimental results from [2] , showing the power reduction effects of biological tissue, to develop an implantable miniature device which integrates a custom-designed low-power application-specific IC (ASIC) and verifies successful transmission in an in vivo environment. Our design of the ASIC with radio-frequency (RF) transmission circuitry has been fabricated through MOSIS on the AMIS C5 0.6-m process. We assembled a complete telemetry system including the ASIC using an low-temperature co-fired ceramic (LTCC) substrate with a standard wirebonding technique and using a silicon substrate with a novel anisotropic conductive adhesive bonding method. A radiograph of the LTCC-based implant within a rabbit eye along with a picture of the board and a 0018-9480/$25.00 © 2008 IEEE 3-D model showing the location of the implant with respect to the eye is shown in Fig. 1 . Both the silicon and LTCC versions of the system were implanted in vivo into rabbit ocular tissue, and wireless telemetry was observed and quantified.
II. TRANSMITTER IC DESIGN
The major focus for the transmitter ASIC design is achieving high power efficiency by minimizing power consumption while maximizing power output. Other design specifications include achieving a resonant frequency around 2.4 GHz, a frequency bandwidth of at least 1 MHz, and an output match to drive a 50-antenna. The ASIC was designed with Cadence software using the SpectreRF simulator. The main components of the transmission portion of the ASIC are a voltage-controlled oscillator (VCO) and a power amplifier. The input data to be transmitted come from internal digital memory storing 24 h of intra-ocular pressure measurements in serial form. The binary frequency-shift-keying (BFSK) digital modulation scheme is chosen to provide some immunity to tissue-induced attenuation noise while maintaining a relatively simple and low-power design.
Detailed specifications about the final sensor and control system will be reported elsewhere but, for clarity, it is important to briefly describe some aspects of the power-management scheme. The power storage unit will consist of a capacitor array of about 18 F in size. At the end of a charge cycle meant to last 24 h, the implant is first recharged, then the transmitter turns on and sends out all the data in the memory, and finally the storage array is charged up again to provide power to the pressure measurement circuitry for the next 24-h period. Typically, inductive coupling is employed in implantable applications for wireless power transfer and recharging; however, the measured results of this work suggest that RF powering may also be an option. Since the capacitors will be charged just before and right after the data transfer, the transmitter will be able to use the full charge of the array. The capacitor will provide useful charge for a voltage range of 1.5 V which we multiply by the capacitance to determine the total amount of usable charge. This value, which was found to be 27 C, sets the limit on the product of power consumption and operating time of the transmitter. This time is dependent on our final data-rate which determines the speed at which all of the data in memory can be transferred.
A. Voltage-Controlled Oscillator (VCO)
A direct input-voltage-to-frequency conversion using a VCO accomplishes the frequency modulation. For our VCO design, we use the NMOS cross-coupled pair topology, shown in Fig. 2(a) , due to its advantages in a low-voltage application. A major component in the cross-coupled VCO is the variable capacitor (varactor), used to vary the frequency of oscillation. The varactor is placed in parallel with the tank capacitance, and its variation with input-voltage produces the oscillator's tuning curve. To achieve a monotonic variation of capacitance, it is necessary to keep the MOS capacitor in one region of operation. We chose the inversion region by biasing the bulk potential to Vdd, which maintains this region of operation for all input voltages [3] .
In an effort to maintain a high level of integration, which leads to a smaller overall intra-ocular pressure sensor design, on-chip reactive components are desirable, and so we fabricated our design as a monolithic microwave IC (MMIC). The NMOS cross-coupled VCO requires two inductors, which are designed to produce the desired oscillation frequency, obtain the desired tank amplitude, ensure startup for our projected bias current, and achieve minimal phase noise. For the design of our inductors, we use a model for phase noise obtained through evaluation of its time-variant phase impulse response [4] , [5] . The inductor phase noise at a given offset is directly proportional to its inductance, and thus it is desirable to find the minimum values that still satisfy the tank amplitude and startup constraints [6] . An inductor model described in [7] accounts for various parasitics including series resistance, oxide capacitance, inter-winding capacitance, and substrate resistance and capacitance. This model assumes that the skin loss at the surface of the conductor dominates the series resistance term and ignores other factors including the proximity effect. This model also ignores substrate loss and eddy currents from a relatively lightly doped substrate.
For the layout of the inductors, we use octagonal spirals, which, according to [7] , increases the quality factor by 10% over square inductors. Increasing the number of turns increases inductance, but, if the turns are added to the inside of the coil, the increase in inductance decreases with smaller radii as they add a decreasing amount of magnetic flux while contributing significantly to the eddy current loss resistance. Conversely, adding turns to the outside of the coil increases overall size. A 3-to-1 ratio between outer diameter and inner diameter gives a reasonably optimal design for , inductance, and size [7] . The layout of the inductor uses the topmost metal layer, which has the greatest thickness and therefore lowest series resistance, and is furthest from the substrate which reduces parasitic capacitances. The final VCO topology works as an inductor-capacitor (LC) tank circuit. The variation of capacitance with input voltage to the varactors changes the tank resonant frequency variation and frequency modulates the digital input. Frequency drift will be compensated on the receiver side using a phase-locked loop (PLL) architecture with a broad frequency tolerance.
B. Power Amplifier
The signal from the VCO is then fed through a power amplifier, shown in Fig. 2(b) , to drive the transmit antenna. We chose to use a class-C power-amplifier topology to achieve a good balance between power efficiency, chip area, and cost. The primary common-source NMOS transistor acts as a switch that controls the current supplied to the LC tank. Every time the transistor is on, a pulse of current keeps the tank pumped. The power amplifier is designed so that the transistor drives current when the output voltage is low and vice versa, minimizing the power consumption. To optimize the circuit, we decrease the on-resistance of the transistor by decreasing the length. Furthermore, to increase the efficiency of the amplifier, we reduce the on-time of the transistor while ensuring that the on-time is still long enough so that the tank is charged up at every cycle. Increasing the transistor width allows us to decrease the required on-time while maintaining the power amplifier gain. Unfortunately, as this width is increased, the capacitance at the gate will increase and make it harder for the prior stage VCO to drive the power amplifier. The primary tradeoff is between efficiency and power output, and thus we have to sacrifice some efficiency to ensure sufficient gain. To facilitate the design, we use the same inductor for the power amplifier's LC tank as for the VCO and then use a parallel capacitor to achieve resonance at our operating frequency. The power amplifier is also fabricated as a MMIC with on-chip reactive components.
C. Measured Results
After fabrication, the transmitter ASIC was tested using a Cascade Microtech Inc. RF-1 probe station and RF/DC probes, an Agilent E4404B Spectrum Analyzer, and a digital multimeter. The output telemetry pad from the IC was contacted with the 50-RF probe and the output power was measured by the spectrum analyzer through a direct SMA connection. The measured output power versus current consumption of the whole transmitter is plotted in Fig. 3 . We see that, even for the lowest current consumption of 3 mA, we still achieve a sufficient output power of greater than 40 dBm.
The total usable charge stored on the capacitor array was calculated above to be 27 C and with a 3-mA current consump- tion, the maximum amount of time the power storage capacitors can supply the transmitter is 9 ms. The total amount of pressure sensor data required in a transmission cycle is about 288 B (2304 b). We divide this amount of data by the maximum transmitter on-time to determine our required data rate of 256 kb/s. Our digital modulation scheme, BFSK, has a theoretical spectral efficiency of one-fourth, and so we desire a target bandwidth of 1 MHz [8] . Measurements showed that our transmitter was actually capable of achieving a bandwidth of up to 50 MHz, enabling us to easily achieve our desired data rate. Various bias levels will be used in an in vivo experiment to find the minimum current consumption that enables sufficient power output for wireless telemetry.
III. ANTENNA DESIGN
The area and thickness constraints of the implant along with the chosen frequency of operation are the most challenging aspects for the antenna design. The area allowed for the antenna has a maximum length of 6 mm ( 5% of the 2.4-GHz wavelength), drastically reducing the efficiency. Furthermore, the thickness requirement of the board only allows for minimal spacing between the antenna and metal traces, pads, and ground plane, thus increasing the parasitic coupling.
We designed, fabricated, and tested several antenna designs using two different substrate materials. LTCC was chosen for its ease of fabrication, durability, high dielectric, and multilayer capabilities. The ex vivo results of one of our initial LTCC antenna designs is reported in [2] . We modified and optimized the design further for this study, resulting in the design shown in Fig. 4(a) , where the outside loop surrounds the perimeter of the substrate, maximizing our usage of the limited area available and promoting magnetic field storage. To help compensate for the miniature size of the loop, a finely tuned capacitor can be used across the antenna terminals to improve the efficiency. In an effort to maintain a complete and unbroken loop, the capacitor is placed at the end of the loop. The efficiency of our LTCC-based antenna is relatively low ( 1.5%), mainly due to the size constraints and complicated surrounding traces. There are still notable advantages in this design, including ease of fabrication in LTCC as an embedded antenna combined with matching circuitry and the ability to transfer data and couple power using the same structure. As an alternative substrate material, we experimented with silicon-on-silicon packaging for its smaller allowable feature sizes, known biocompatibility, and mature fabrication process. In order to compare the effect of electric and magnetic fields on the wave propagation through tissues, we tried various different monopole-like antenna topologies on silicon substrates. Our size specifications constrain the maximum length and limit the efficiency. Another issue with a small length is seen by looking at the antenna resistance and reactance [9] . We see that, with a small length, the resistance is very small and the reactance is very large. This causes a practical problem of matching network implementation because it requires large inductance values to compensate large negative reactance, resulting in high loss from a poor quality factor. We thus underwent a more complicated optimization method using Ansoft HFSS to factor in the tradeoff between antenna efficiency and matching network feasibility. Our modified monopole antenna, shown in Fig. 4(b) , is an efficient and robust structure after assembly.
Ansoft HFSS is used to perform a full-wave simulation to optimize the structure of the LTCC and silicon antennas by locating the ideal feeding position and determining the proper radiator component dimensions. The simulated gain of the final LTCC loop antenna is 16.33 dBi with an efficiency of 1.46%, which is acceptable considering the small scale of the antenna and the complications from the surrounding metal traces. The final silicon antenna with a balanced tradeoff between efficiency and robustness has a simulated gain of .96 dBi with an efficiency of 22.0%, which is a relatively good efficiency for a miniature antenna. The monopole has a much greater efficiency in free space, which is expected from theoretical calculations for similarly sized antennas [9] . Advanced Design System (ADS) simulations are performed to determine the values of the lumped element matching network components required to achieve a standard 50-match. After fabrication, an Agilent RF Network Analyzer and Cascade Microtech Inc. RF probe was used to measure the actual input impedance and optimize the final matching network components. 
IV. FABRICATION, PACKAGING, AND ASSEMBLY
A. Transmitter ASIC
The transmitter ASIC was fabricated through MOSIS, and an optical microscope image of the IC is shown in Fig. 5 . The dimension of the transmitter IC without the pads is 400 m 400 m. During assembly of the transmitter boards, we diced out a 1.5 mm 1 mm section to represent the size of the complete intra-ocular pressure sensor ASIC, though the transmitter was the focus of this work.
B. LTCC Board
The IC needs to be bonded to a durable substrate which contains pad layouts for the chip and external components, interconnects, and an antenna. LTCC is a suitable option for assembling this complete system due to its multilayer and integration capabilities. Specifically of interest is the capability to have smallscale cavities and hermetic bonding. Furthermore, this ceramic can provide sufficient structural integrity with very thin layers. LTCC also provides a high dielectric allowing for miniaturization of the antenna. Dupont 951 was chosen as a demonstrator because of the relative ease of processing and availability. This proof of concept is a vehicle for showing the suitability of a variety of LTCC tape substrates which are under consideration for the final implantable system. Biocompatibility tests of a variety of tape systems are currently in progress. The size and form factor achieved with this demonstrator is representative of any of the other LTCC materials.
In addition to the IC and antenna, the final device also contains a capacitor array for internal power storage and a pressure sensor. Cadence software is used to draw the layout of the pads, interconnects, and antenna. The LTCC board used for this study contains all the traces for the final device and the cavity for the sensor but is only populated with the components necessary for wireless telemetry. The LTCC board is fabricated through standard processing of the tape layers, screening traces, creating vias, laminating layers together, and, finally, firing. Then, matching network components for the antenna are soldered on, and external wires for supplying power and digital data are attached using conductive epoxy. Lastly, the transmitter ASIC is attached to the substrate and wirebonded. The assembled transmitter LTCC board is shown in Fig. 6 . The size of the final device is only a few millimeters on either side but for this study, we enlarged the LTCC substrate slightly to provide room to attach external wires for testing. This work focuses on the wireless data transfer and the full system integration incorporating the power management circuitry will be reported elsewhere. We thus require external wires in this experiment to provide the power and bias voltages.
C. Silicon-on-Silicon Packaging
Another potential substrate material, silicon, was used to implement different antenna prototypes and to test alternative low-profile bonding methods. Silicon has several advantages including the fact that it is known to be biocompatible. Furthermore, photolithography techniques allow us to achieve small-scale interconnect traces and footprints for minimal area bonding techniques, reducing the overall size of the device. For this approach, we start off with a silicon wafer with high resistivity cm and use an E-beam evaporator to deposit a 50-nm layer of Ti and a 0.7-m layer of Au. The pads on the silicon board, to be connected to the IC pads, are created using a photoresist and etching lithography process.
For the connections between the pads on the silicon board and those on the IC, shown in Fig. 7 , we use a novel magnetically aligned -axis anisotropic conductive adhesive bonding process developed by Nexaura Inc. [10] . The advantages of the adhesive are that it requires only a thin bonding layer (on the order of tens of micrometers), is lead-free, allows for direct bonding without patterning, and uses a low-temperature curing process. The use of silicon and lithography allows for implementation of this bonding process to produce a direct attachment of the IC using a flipped approach. By comparison, the wirebonding method used for the LTCC board increases overall device thickness and width and requires careful handling and packaging of the wires. The resolution of the screen-tracing on LTCC and the miniature size of the IC pads limited its attachment method to wirebonds.
The -axis anisotropic conductive adhesive consists of an epoxy material with suspended conductive particles. These particles are comprised of an Ni core coated by 8% of Au. When a static magnetic field is induced, the conductive particles with ferromagnetic material create vertical columns in the adhesive. The interaction between conductive columns makes their distribution uniformly spaced in the horizontal plane. These columns allow for current to flow in only the vertical direction. An analysis of the column distribution showed that the columns are on average approximately 10 m in diameter.
We first apply a layer of anisotropic conductive adhesive onto the silicon board over the desired location of the IC. Then, we use a flip-chip bonder with 5-m accuracy for positioning, alignment, and placement of the IC on the silicon board. We then cure the adhesive for 15 min in the presence of a 0.25-T static magnetic field. Our IC, with small 75 75 m pads with a 25-m separation, was easily bonded with high reliability. The final layer of anisotropic conductive adhesive is measured to be about 50 m thick. The rest of the assembly process consists of attaching our lumped components using a conductive epoxy and coating the entire board with a thin layer of biocompatible Parylene [11] , [12] . This is, to the best of the authors' knowledge, the first time that the magnetically aligned epoxy has been utilized for IC interconnection. It was therefore necessary to study the effects of the aligned rods after attachment and the presence of the silicon package layer to which the IC was bonded. Potential issues are the added dc resistance of the self-forming rods and the change in inductance due to both the rods and the nearby silicon board. To evaluate the success of the bonding between the IC and the silicon board, we compare initial tests of the IC done using direct probing of the pads with measurements taken under the same conditions after anisotropic conductive adhesive bonding. Fig. 8 shows a plot of the supply voltages and radiated frequencies as a function of current consumption. After bonding, the required supply voltage to achieve the same current consumption did not change substantially, and in our worst case measurement, the change was less than 0.18 V (12.5%). Similarly, we saw very little change in the radiated frequency after bonding, less than 27 MHz (0.9%) for the range of current consumptions from 3 to 16 mA. The small variation of oscillation frequency and current consumption indicates that the minimal parasitic impedances generated by the anisotropic conductive adhesive interconnects do not significantly affect the performance of the transmitter. The anisotropic conductive adhesive bonding consistently made 100% of the connections for multiple boards and is thus a very promising solution for silicon-based applications requiring a thin bonding layer and narrow pad pitch.
V. METHODS AND EXPERIMENT
A. Rabbit Eye Implantation Surgery
Our experiments were conducted on New Zealand white rabbits because of availability and, more importantly, their relatively large eye size, which is comparable to that of humans. The rabbits are first caged for one week prior to surgeries following our Purdue Animal Care and Use Committee (PACUC) approved protocol (PACUC No. 08-004). On the day of surgery, the animal is first injected in the leg muscle with an initial anesthetic solution comprised of ketamine and xylazine. Once the animal is anesthitized, verified by a toe pinch test, we attach an intravenous (IV) drip of Propofol through a vein in the ear. The animal is positioned on the surgical table, and a topical anesthetic eye drop called proparacaine is applied every 10 min.
The surgery begins with an incision into the sclera parallel to the iris and about 3 mm away. We then cut deeper into the tissue until we reach the suprachoroidal space. A blunt surgical spatula is placed into the incision, and the rest of the tissue is cut until we reach the desired size. The anterior chamber is then punctured with a needle to relieve pressure in the suprachoroidal space. A pocket is created around the incision and the implant inserted. Once the implant is positioned within the pocket, the incision is closed using 3-5 sutures.
B. Experimental Setup
The experimental setup, shown in Fig. 9 , consists of a receive horn antenna with a gain of 8 dBi connected through a 24-dB gain low-noise amplifier (LNA) to our spectrum analyzer. The antenna is placed at several distances away from the location of the implant in the rabbit's eye and measurements are taken at each distance just before and right after implantation. The current consumption of the device is measured using a digital multimeter to quantify the wireless transocular telemetry using our low-power device. The experiments are repeated with both the LTCC and silicon boards to achieve statistical significance.
VI. DATA AND ANALYSIS
To validate successful wireless transmission, we first look at the measurements from the implanted device. We subtract the 32-dB gain of the horn and LNA front-end from the spectrum analyzer measurements and average and plot the data in Fig. 10 as a function of current consumption for several distances. To determine the required receive power for successful transmission, we determine our noise floor using the product of Boltzmann's constant, in vivo temperature of 310 K, and bandwidth of 1 MHz. We calculate a value of approximately 108 dBm, which corresponds to our minimum detectable signal level and thus the theoretical minimum receiver sensitivity. This minimum is plotted alongside our data in Fig. 10 , showing that, for even the worst case (3-mA current consumption at a 30-cm separation between the implant and receive antenna), the power received is at least 10 dB greater than the minimum detectable signal, and we can achieve successful wireless data transfer. The received power is comfortably above the detectable level even after including fading effects in a realistic environment, imperfections in the package, the surgery, and the IC.
To observe the in vivo power reduction effects of the tissue, measurements were taken just prior to and right after implantation and the results were compared. The power received data, after subtracting the gains of the horn and LNA, for the LTCC and silicon-based boards are averaged and plotted in Fig. 11 as a function of distance for several current consumptions.
For the LTCC boards, the measured power reduction decreases as we decrease the distance between the implanted transmitter and receive antenna. This suggests that, at close distances, near-field effects allow for more efficient power transfer across biological tissue. The insignificant power reduction in close distances is hypothesized to be from near-field coupling of the magnetic field of the loop antennas. The radiation in this close near-field range is not an established plane wave. Thus, the EM wave is dominated by the magnetic component, which is not altered by the permittivity mismatches and dielectric loss of biological tissues. Since the permeability of biological tissue is essentially identical to that of free space, the magnetic waves see no boundaries and face little attenuation [13] . In some of our measurements, we actually see a negative power attenuation leading to a large amount of power detected after implantation. It is possible that the tissue is altering the impedance seen by the antenna causing more efficient radiation. Through examination of the data before and after implantation, we also notice that gain is only present in the cases that the nonimplanted measurement is not following the expected trend from Friis formula. It is likely that, for those measurements, fading due to the presence of multipath is reducing the power received from the nonimplanted case resulting in a higher measurement after implantation. The tests were performed on the surgical table to enable the surgery and minimize impact on the test subject and therefore represent a realistic scenario with multipath and environmental effects included. If we take a look at the cases where a possible null is not suspected, the measured attenuation at distances of 5, 15, and 30 cm, which are log-averaged over the various current consumptions, is 1.3, 2.45, and 6.9 dB, respectively, as shown in Fig. 12 .
In an ex vivo study done in [2] using a similar LTCC board, the near-field result showed a 1.75-1.93-dB attenuation while at further distances the attenuation was about 5.89 dB. That data correlates well with the 1.3-2.45-dB attenuation we see at close distances and the 6.9-dB value at further distances. The discrepancies can be due to the fact that our current study is done in vivo on rabbit eyes while the previous study was done ex vivo on an extracted porcine eye. This in vivo study more realistically models the clinical situation by accounting for variables including the effect of the head, blood flow, body temperature, and movement.
For the silicon boards, there is no statistically significant correlation, and the attenuation values at distances of 5, 15, and 30 cm range from 6.5 to 14.0 dB. Since the monopole structure does not allow for the same near-field magnetic coupling effect, we do not expect to see the lower attenuation at closer distances as in the loop antenna case. A major difference between the loop antenna in LTCC and the monopole in silicon is that the loop was designed to minimize the electric field in the near-field region, whereas, in the monopole design, we maximized the electric field in order to achieve the highest gain. Thus, although the loop was less efficient than the silicon monopole-like antenna, it is still advantageous from a tissue attenuation point of view because of less degradation from the high conductivity of the body [14] .
We used HFSS to validate the power reduction comparison between the LTCC-based loop structure and the monopole-like antenna. The simulations also show that the attenuation of both the -and -fields of the LTCC loop antenna is smaller than that of the silicon monopole-like antenna. This predicts that the LTCC antenna might encounter less tissue-induced loss, which is reasonable according to theory, since loop-like antennas have relatively larger magnetic fields in the near field, resulting in less loss [14] . We see this effect in our measurements, shown in Fig. 12 , where the log-average attenuation values are larger than that of the loop and range from 8.1 to 11.6 dB.
To compare the final received power between the LTCC loop and silicon monopole-like antenna, we again look at Fig. 10 , which shows the received power levels from the implanted experiments plotted as a function of current consumption for several distances. We see that, even though the loop antenna faces less attenuation through the ocular tissue, the silicon-based monopole antenna still transmits a larger amount of power to the receiver due to its considerably higher efficiency. We see that, for all cases, the power level is sufficiently above our minimum detectable signal. The relatively low loss of the implanted antenna indicates a promising future for miniature implanted ocular devices.
VII. CONCLUSION
This study shows that we can achieve low-power RF transmission from a miniature implantable device for ocular implant applications. In vivo experiments show quantifiable effects and power reduction caused by biological tissue. Several prototypes of the implantable device were fabricated, and wireless transmission from the implant was measured to have a sufficient signal-to-noise ratio margin for high data-rate transmission, validating this approach for intra-ocular pressure telemetry.
